Clinical studies have identified factors such as the stent design and the deployment technique that are one cause for the success or failure of angioplasty treatments. In addition, the success rate may also depend on the stenosis type. Hence, for a particular stenotic artery, the optimal intervention can only be identified by studying the influence of factors such as stent type, strut thickness, geometry of the stent cell, and stent-artery radial mismatch with the wall. We propose a methodology that allows a set of stent parameters to be varied, with the aim of evaluating the difference in the mechanical environment within the wall before and after angioplasty with stenting. Novel scalar quantities attempt to characterize the wall changes in form of the contact pressure caused by the stent struts, and the stresses within the individual components of the wall caused by the stent. These quantities are derived numerically and serve as indicators, which allow the determination of the correct size and type of the stent for each individual stenosis. In addition, the luminal change due to angioplasty may be computed as well.
Introduction
Balloon angioplasty is a well-established interventional procedure which aims at reducing the severity of atherosclerotic stenoses. Unfortunately, although most of the treatments are performed with stenting nowadays, the procedure still can fail due to resistance to dilation, thrombosis and stress-induced tissue growth such as neointimal hyperplasia. The latter biological process is triggered by inflammation, granulation and cellular proliferation which is as a consequence of the changed stress situation in the arterial wall. Nevertheless, balloon angioplasty with stenting improves the short-term success rate and reduces rates of restenosis in long term [1] , [2] , and, consequently, the need for further interventions when compared to standard angioplasty procedures. The Restenosis Stent (REST) Study [3] , for example, compared coronaryartery stenting with balloon angioplasty for restenotic lesions after initial balloon angioplasty.
The randomized study considered a total of 383 patients with restenosis after balloon angioplasty who were randomly assigned to Palmaz-Schatz stent placement or repeat (standard) balloon angioplasty. Angiographic restenosis ( ¼± follow-up diameter stenosis) at six months was lower in stent-treated patients (½ ± versus ¿¾± in balloon angioplasty-treated patients;
Ô ¼ ¼¿). Several other randomized trials confirmed a better clinical outcome of stent placement over balloon coronary angioplasty alone (see, for example, [4] ).
An angioplasty intervention at which an endovascular stent is inserted into the artery differs significantly from a standard angioplasty procedure: (i) the struts of the stent impose focal vascular trauma [5] , (ii) or an early thrombus (generated within days) may serve as a scaffold for subsequent cell proliferation and intimal hyperplasia ([1] , [2] , [6] ). Thereby, platelet-rich mural thrombi form over the stent struts, into which inflammatory cells migrate from the circulation and the adventitial vasa vasorum. In addition, (iii) permanent (non-physiologic) rather than transient stresses and strains are generated around the stent when it expands, which may lead to cellular proliferation ( [7] , [8] ), and (iv) a foreign material remains in the injured artery [9] . The influence of a foreign material on the vasculature was clearly demonstrated with stents that were intended to be gradually resorbed. In particular, it was shown that the use of a PET polymer stent can produce intense proliferative neointimal response that may result in complete vessel occlusion within 4 to 6 weeks [10] .
Several clinical studies related to stenting were attributed to device-dependent factors such as the stent design ( [11] , [12] , [13] , [14] ) or the deployment technique ( [15] , [12] ). Other clinical studies are concerned with vascular remodeling. The work [16] , for example, has shown that vascular remodeling after angioplasty is regulated by wall shear stresses and stresses within the wall. In addition, elevated wall shear stresses after successful angioplasty were identified as predictive quantities for target lesion revascularization and associated restenosis ( [17] , [18] , among others). In recent years a number of approaches aim to reduce or prevent restenosis; most notably is the use of drug-eluting stents, which demonstrate a remarkable efficacy and safety in preventing neointima formation and recurrent restenosis ( [19] , [20] ). Intravascular brachytherapy is effective to reduce in-stent restenosis, however, the recurrence after brachytherapy is still significant [21] , [22] . It is important to note that the mechanical injury to the vessels is not eliminated with these recently developed procedures so that the present study appears still meaningful in order to identify the biomechanical nature of the stenting procedure.
Our approach intends to predict the outcome of patient-specific angioplasty treatment on a computational basis. The proposed approach allows insights into the development of mechanical stresses during inflation, leading to 'controlled vessel injury' [23] , and provide computational assessment of parametric stent designs. Stress-induced tissue growth and undesirable arterial injury such as intramural hemorrhage may probably be avoided by selecting the most suitable angioplasty treatment and stent for an individual stenosis. The angioplasty treatment can be performed with several parameters, which can be varied on a computational basis to get the change of the mechanical environment during dilation, and to find the optimal treatment for a particular stenosis type. As a starting point we alter (i) the type of stent cells, which is chosen similar to three commercial products,
(ii) the geometry of stent cells and stent struts, (iii) the radial mismatch between the smallest lumen diameter in the stenosis and the expanded stent diameter (nominal stent diameter), and analyze the relationship between these parameters. They were shown to be crucial for decreasing the risk of in-stent restenosis after stent placement (which, in virtually all cases, is neointimal proliferation [24] ), and, consequently, to obtain a successful clinical outcome of the stenting process (see, for example, [25] , [26] , [27] ). It is straightforward, however, to include other treatment parameters in the proposed methodology.
The determination of an optimal treatment, however, requires a quantification of the changes (here only mechanical) in the arterial wall during inflation and stent deployment. We propose the following strategy: first, evaluate mechanical field quantities, which are based on nonlinear finite element analyses; second, evaluate indicators with the goal to replace the field quantities by scalars enabling the establishment of a 'ranking' among the results. These indicators are derived numerically and allow a characterization of (i) the change of the intimal pressure caused by the struts of the stent,
(ii) the stress change within the arterial wall caused by the stent, and (iii) the luminal change due to angioplasty.
Hence, as known, vascular interventions that maximize just the lumen diameter provoke extensive intimal hyperplasia due to local damage of the vascular wall [11] . Hence, choosing the most suitable stent and treatment procedure for a certain stenosis is always a tradeoff between lumen gain and locally induced arterial injury, which is postulated to be responsible for the development of smooth muscle cell proliferation, neointimal hyperplasia and refractory restenosis, see the review [28] . The idea is now to, somehow, minimize the changes of the intimal pressure and the arterial wall stresses by maximizing the lumen diameter increase for a particular stenosis. We will demonstrate which influence certain treatment parameters have on the introduced indicators.
Since our approach attempts to find an optimal solution on a patient-specific basis, a reliable numerical model considering as much information as possible is a prerequisite. The proposed methodology combines numerical models for the artery and the stent, and allows the investigation of the interaction of the stent with the vascular wall. The design of the arterial model is based on our recent works [29] , [30] . In the present study we investigate one individual human stenosis. The geometric model of the considered stenosis was composed of eight different tissue components, which were specified from high resolution Magnetic-Resonance Images (hrMRI) and reconstructed by means of Non-Uniform Rational B-Splines (NURBS).
Generation of three-dimensional finite element meshes serves as the basis for numerical analyses, and possible mesh refinement allows an error estimation of the numerical solutions. Data from mechanical tests are used to establish constitutive models and associated parameters for the individual components. Since the material properties of arterial components in vivo are not available and the resolution of in vivo hrMRI is still insufficient yet, our approach is performed in an in vitro setting. However, the proposed methodology may be applied to an in vivo situation when hrMRI improves and the material properties may be estimated appropriately (for example, through inverse finite element modeling). We use then numerical models for three different stents, whereby the geometric structure of the stents are parameterized to allow convenient parameter studies, and the development of new stent design. A novel contact algorithm, recently documented in [31] , is aimed at simulating the interaction between the artery and the stent, and overcomes stability problems which were shown to arise in typical simulations of angioplasty [32] . Well known stability problems are caused by non-smooth ( ¼ -continuous) interacting bodies. To avoid these problems, the contact algorithm employs subdivision surfaces to obtain smooth contact surfaces of at least ½ -continuity everywhere. Many works investigate the mechanics of arterial walls and stents separately, however, very few studies treat the interaction as a computational contact problem (see [33] , [29] , [30] and [34] , [35] ). To the authors' knowledge the present approach is the first which allows to (i) analyze the three-dimensional interaction between stent models and patient-specific wall models by considering image data and mechanical tests performed at body temperature, (ii) quantify the change in the mechanical environment which occurs during stent placement, (iii) compare the effects of different parameters to identify optimal stent designs. Based on this approach stents may be parameterized such that novel designs (for example, geometry, material composition) and placement protocols (for example, balloon selection, inflation pressure, delivery and deployment system) are to be developed in order to minimize vascular injury and to optimize long-term success. The methodology may eventually assist clinicians in choosing a particular stent with the goal to improve the clinical outcome.
We start by defining scalar indicators to characterize the outcome of angioplasty with stenting, and proceed by providing (numerical) models for the arterial wall and the stent. Finally, the stent-artery interaction with related boundary conditions and the process of loading is described.
Indicators to characterize the outcome of angioplasty with stenting
Although our numerical model can not yet simulate microscopic effects such as vascular injury or cell proliferation, (high) stress concentrations can be predicted and interpreted as a very likely source for vascular injury and remodeling (see e.g. [36] ).
In a previous paper [30] we analyzed the local stress distribution within the specimen during angioplasty. In the present work we use the gained knowledge for the definition of indicators, which may allow to quantify the change in the mechanical environment and the luminal change during angioplasty with a stent. These indicators are scalar quantities which should allow a judgement upon the advantages and disadvantages of taking one stent product or another. In this section we define three different scalar indicators to characterize (i) the intimal pressure concentration caused by the stent struts, (ii) the stress change within the arterial wall, and (iii) the luminal change during stenting.
Intimal pressure concentration caused by the stent struts
The pressure, which occurs between the contact area of the stent struts and the intimal surface of the arterial wall is in part one determinant for restenosis. Stent struts may cause focal deep vascular trauma [5] , [11] , and endothelial cell denudation [35] . The elevated pressure around the stent struts may lead to intimal laceration and direct injury to medial smooth muscle cells, which was shown to be related to neointimal hyperplasia (see, e.g., [12] ).
We propose that the (normalized) change of the intimal pressure caused by the struts of the stent, denoted by ½ , is expressed as
where indicates the element number on the intimal surface, and Ò is the total number of elements forming the intimal surface. The factor is a measure for the surface of element covered by the stent struts, while the value Ô ÔÓ×Ø is the contact pressure on the surface of element after stenting (´¯µ ÔÓ×Ø ) due to the stent struts and the mean arterial pressure. A detailed computation of Ô ÔÓ×Ø and is illustrated in the Appendix. The mean arterial pressure before angioplasty is denoted by Ô Å È . For the numerical simulation we have used Ô Å È ½ ¿ ¿´ È µ.
The pressure difference on the surface of element after and before angioplasty is then given by ¡Ô .
Note that the study in [37] evaluates the deflection of the tissue between the struts of different stent products (called 'prolapse' or 'draping'). In clinical studies this lumen loss due to deflection of the tissue was associated with the appearance of restenosis (see, for example, [38] ). Since prolapse depends on the contact pressure and the spacing between the stent struts, the contact pressure may be used as an indicator instead of the deflection of the tissue between the struts. This alternative indicator has the special merit that it directly depends on the important measure of the strut width, which is hardly the case for the prolapse indicator.
Stress change within the arterial wall caused by the stent
To study the development of stresses within the arterial wall during angioplasty, we compute the Cauchy stress differences which occur in the finite elements. In particular, for an element with number , the stress difference ¡ is according to
where´ ÔÓ×Ø µ and´ ÔÖ µ denote the circumferential Cauchy stresses for element after and before angioplasty, respectively. Note that´ ÔÖ µ is the Cauchy stress in element during the mean arterial pressure of ½¿ ¿´ È µ. Although, in principle, any other stress components could be used, our recent study [30] has shown that the circumferential stresses are the one most altered during angioplasty.
Subsequently, we are just interested in the Cauchy stress differences in a certain tissue component Ð during angioplasty, which reach a (given) certain limit. Hence, we define this limit by ¡ Ð for a stress increase, and by ¡ Ð for a stress decrease. The stress difference is then weighted by the volume ª of the element , in which it occurs. Hence, we define the merit functions ½ and ¾ for a stress increase and a stress decrease in a particular element , respectively, and write
with ½ Ð AE, where AE is the total number of tissue components. For example, eq. (3) ½ means that the stress change in a particular element located in the tissue component Ð is only considered if the stress ÔÓ×Ø in that element after angioplasty is about ¡ Ð higher than the stress ÔÖ before angioplasty.
The stress change within the arterial wall caused by the stent may then be defined by the
where Û ½ , Û ¾ ¾ ¼ ½ are weighting functions with the condition Û ½ · Û ¾ ½, and Ò denotes the total number of finite elements. If Û ½ Û ¾ , this means that a stress increase is equally weighted as a stress decrease.
An alternative version of (4) is obtained by assuming that the values ¡ and ¡ are the same for all tissue components. In particular, for the numerical studies performed in the next section, we have assumed that only stress increases are considered (Û ¾ ¼ ), and that any stress increase, which might occur during angioplasty is taken into account (¡ Ð ¼ ). This leads to the simplified version of (4), already employed in [30] , which is
where ¡ is defined in (2).
Luminal change during stenting
For the luminal change due to angioplasty, it is only meaningful to consider the smallest luminal area. Hence, we define a factor Ä expressing the Luminal Gain, i.e. 
where ÔÖ is the smallest inner cross-section of the artery before angioplasty and stenting, and ÔÓ×Ø is the cross-section at the same location as ÔÖ after angioplasty and stenting. Consequently, ¡ is the area difference and a meaningful measure for the area change during the treatment.
Arterial model
This section provides information for the design of a model for one specific diseased iliac artery, as documented in [39] . Here we describe how the three-dimensional arterial geometry was reconstructed by means of magnetic resonance images and NURBS curves. The performed mechanical tests to identify the anisotropic quasi-static stress-stretch responses of the different tissue types are briefly described, and appropriate constitutive models provided. Finally, the spatial discretization of the individual tissues with capable finite elements serve then the basis for the arterial model.
Material
An external iliac artery (female, ¼ year old) was harvested during autopsy within ¾ hours from death (detailed information about the related anamnesis is provided in Table 1 to ex situ length, was calculated to be ½ ¼ ¾. Use of autopsy material from human subjects was approved by the Ethics Committee, Medical University Graz, Austria.
In order to detect the three-dimensional geometry for reconstruction purposes, we use hrMRI.
The detailed procedure and the associated histological analyses required to identify the underlying tissue type are provided in [39] . For this lesion eight different tissue types were considered:
the non-diseased intima I-nos 1 , fibrous cap I-fc (fibrotic part at the luminal border), fibrotic intima at the medial border I-fm, calcification I-c, lipid pool I-lp, non-diseased media M-nos, diseased fibrotic media M-f and adventitia A [29, 30, 39] . This classification has resulted in a separation of the diseased vessel wall (compare with Fig. 1 ) that is (solid) mechanically representative and that covers the gross histological composition of the stenosis (see, for example, Stary et al. [40] ). This separation is also physically feasible using surgical instruments.
Geometric model
For each scanned image-based cross-section the borders of the arterial components were traced automatically by a set of points. These points were then fitted by NURBS curves using a leastsquare fitting procedure. Finally, the curves were combined along the arterial axis in order to get the boundary surfaces of the different tissue components. NURBS representations have the advantage that they enable discretizations of different mesh densities to be based on a single smooth surfaces. They provide a suitable basis for mesh adaption procedures that allow mesh refinement with respect to the (original) reference geometry, and for error estimation.
The geometry of the harvested stenotic iliac artery is shown in Fig. 1 . In order to display the path of the lumen over the whole length of the specimen, which is tortuous, the cutting plane for Section D-D was chosen to be out of the center (for the location of D-D compare with the other sections).
Mechanical testing and physical modeling
Mechanical tests were performed on a computer-controlled, screw-driven high-precision tensile testing machine by integrating. For the determination of the passive, quasi-static stress-stretch response of the individual tissue components, rectangular stripe samples with axial and circumferential orientations were excised from the specimen and immersed in a calcium-free physi- A description of the mechanical tests, and the obtained stress-stretch responses for different tissue types stemming from human high-grade stenotic iliac arteries are documented in [39] .
Thereby, all tissue samples were stretched far beyond the physiological loading domain up to failure so that the range of deformations induced by the stent is captured.
In order to model the material response each component of the stenotic artery is assumed to behave as an (nearly) incompressible composite reinforced by two families of collagen fibres.
The (three-dimensional) statistical distribution of fibre directions are characterized by two symmetrically arranged families of collagenous fibres whose mean directions are represented by the unit vectors M and M ¼ , and it is these directions that render the material properties anisotropic.
According to [41] we consider a strain-energy function relative to the reference configuration in the decoupled form
where the function Í is a purely volumetric contribution and © is a purely isochoric contribution to the strain energy ©. In (7) Â ´ Ø Cµ ½ ¾ is the local volume ratio, while C F Ì F denotes the right Cauchy-Green tensor and F is the deformation gradient. In addition, Á ½ ØÖ C is the first invariant of the modified right Cauchy-Green tensor C Â ¾ ¿ C, and
We take the strictly convex function Í ´Â ½µ ¾ ¾, which is motivated mathematically. Therein, the bulk modulus serves as a user-specified (positive) penalty parameter, which is independent of the deformation and chosen through numerical experiments.
Clearly, with increasing the violation of the constraint is reduced. If we take the restriction on the value ½ , the constraint condition is exactly enforced, and then eq. (7) represents a functional for an incompressible material with Â ½ .
For the function © we use the particularization [39] . Note that for the limit ½ we get the constitutive equation, as proposed in [41] and successfully used to model healthy human arteries, while for the limit ¼ we get an (isotropic) constitutive equation, as documented in [42] . In addition, we assume that the anisotropic term in (8) ³´AEµ, which occurs between the fibres (arranged in symmetrical helices) and the circumferential direction in the specific tissue component [41] . However, since we do not have particular information about the fiber orientations within the tissue components, the angle ³ is treated here as a phenomenological parameter. Consequently, particular material parameters of the arterial components were obtained by fitting the constitutive model to corresponding anisotropic data provided in [39] . The Levenberg-Marquardt algorithm has been used for the least-square fit.
The according best-fit parameters and the associated error measures are summarized in Table 1 .
Since no experimental data were available for the tissue components I-nos and I-fm, we have adopted the mean parameter values from various investigated iliac arteries according to [43] .
As a measure for the 'goodness of fit' linear correlation coefficients, Ö´Ë µ, Ö´Ë ÞÞ µ say, were calculated for the second Piola-Kirchhoff stresses in both the circumferential and axial directions of the stripe to be considered. In addition, a second 'error measure',¯say, is introduced, which is the root mean square error (per statistical degree of freedom) normalized in regard to a reference stress. For a detailed description of these measures the reader is referred to [44] .
According to [39] the average Young's modulus for the calcification I-c, which, interestingly, has shown linear behavior, is ½¾ Ǻ È µ. Assuming nearly incompressible response we have used the value ¾ ¾ ´ÅÈ µ for I-c. The value for the lipid pool I-lp was taken from [30] to
With arguments entirely similar to those in [30] we model the non-diseased intima I-nos and the non-diseased media M-nos by a constitutive equation capturing nonrecoverable deformations [45] . The inelastic response is described with an initial yield stress ¼ and a linear hardening parameter , see Table 1 . The ratios of the (penalty) parameters to the moduli for the arterial components were chosen to be roughly equivalent to two to three orders of magnitude.
Finite element discretization
Based on the NURBS geometry, as described in Section 2.2.2, meshes of varying density can be generated. For the investigated arterial specimen we created three discretizations with different mesh densities. This allowed a comparison of the numerical solutions and an assessment if the mesh density is sufficient for the desired accuracy. The meshes consist of , ¿½ ¼ and 3D-elements.
In general, we used eight-node isoparametric hexahedral elements. Only for the elements adjacent to the master contact-surface we used 20-node elements, which form an interface between the smooth contact surface description and the finite element discretization [31] . Both For a detailed derivation see, for example, [46] .
Stent model 2.3.1 Geometry and structure
Parametric design is a useful technique in engineering practice when products are tailored to fit specific customer needs or when numerical optimization is used to generate the 'optimal' design of a product. Both requirements are to be addressed for the design of novel stents regarding their geometric structure. Basically, the parameterization of a stent involves the geometry of the stent cells, the geometry of the stent struts, which may vary across the stent length, and the nominal stent diameter and the length. Local changes in the geometries of the stent cells and struts are useful, for example, to specify different stiffnesses at the ends of a stent in order to avoid edge effects (see Section 3.2.2).
In this study we investigate three different types of stent cells, which are based on products that are (or were) available commercially. In particular, for our study we employ shapes of stent cells used in products such as (a) the Multi-Link-Tetra TM stent (Guidant), (b) the NIROYAL TM Elite stent (Boston-Scientific) and (c) the InFlow TM -Gold-Flex stent (InFlow Dynamics). For subsequent use we will refer to these stent types as S1, S2 and S3, respectively.
The geometries of the stent cells were traced from photographs.
Software for appropriate parameterization of stent cells. Here we propose an efficient strategy of stent parameterization. We developed a software, which is able to parameterize (i) the geometry of the stent cells, (ii) the geometry of the struts (with width × Û , measured in the circumferential direction, and with thickness × Ø , measured in the radial direction), and (iii) the overall dimensions of the stent (i.e. nominal diameter , number of cells in the axial direction Ñ and in the circumferential direction Ò; refers to the stent diameter achieved at any axial position, while the balloon is fully inflated). For the parameterization of the stent cell the software requires information about: (i) the cell type (S1, S2, S3), (ii) the geometrical quantities to be parameterized (see the upper panels of Fig. 2 ; each dimension, denoted by lower case letters, represents a parameter), and (iii) a set of rules describing how the parameters depend on each other. As input data we have only used the two dimensions and , while all others dimensions are based upon these two. The lower panels of Fig. 2 show the generated 3D views of the different stents. The software also allows to generate a finite element mesh for the individual parameterized stent.
Consequently, the indicators, as defined in Section 2.1, enable the study of the ability and performance of a particular stent design (given by the parameters discussed) for a particular stenotic artery to be treated. 
Material modeling
Since stent manufacturers do not provide details about the alloys used for their stent products, as a first approach, we have adopted the material properties for stainless steel for all three stents.
The parameters to be chosen are [47] (no hardening was considered).
Finite element discretization
For the discretization of the stents we have used hexahedral finite elements with quadratic shape functions. The meshes for the stents were generated automatically by the software. The parameters defining the different stent cells are summarized in Table 2 . For each stent two input parameters ( and ) are specified, which are indicated in the table by the symbol¯.
The strut width and the strut thickness were assumed to be × Û ½ ¼´ Ñµ and × Ø ¼´ Ñµ, respectively. For each of the stent types we have assumed four different nominal stent diameters . We have assumed that the ratio of the actual metal surface in contact and the arterial wall surface, i.e. the metal-to-artery ratio Ê Ñ , is constant with ¼ ½ , with Ê Ñ × Û Ò ´ × Û Òµ, where denotes the number of struts for one stent cell in the circumferential direction ( for S1, and ¾ for S2 and S3). The number of cells Ñ in the axial direction is for all stent types, which gives a stent length of about ¾ 1 Ñ Ñ µ . The number of cells Ò in the circumferential direction was computed from the given metal-to-artery ratio, and the parameter is given to be Ò. Specific parameters for the three cell types are summarized in Table 3 .
Finite element simulation
The simulations were carried out on a parallel cluster consisting of 24 nodes and one master connected with an internal 300GB RAID-System together with an external 1TB fileserver. The performance of the system is about 14Gflops and allows high performance computing necessary to solve this type of nonlinear boundary-value problems. The assembly of the stiffness matrices and the solution process of the linear systems of equations were computed in parallel. Since the systems of equations are sparse and not symmetric (due to plasticity and pressure boundary loadings), they were solved using a Krylov-subspace method. In particular, we used a stabilized version of an iterative bi-conjugate gradient solver [48] . The systems were preconditioned by successive overrelaxation.
Next we briefly describe the employed contact algorithm, the applied boundary conditions and the loading procedure. 
Stent-artery interaction
As a rule of thumb, in clinical practice, the nominal diameter of an expanded stent should be similar to the lumen diameter of the related healthy arterial region, Ä say -in our case ¼ (mm). Therefore, during stent expansion, there appears to be a radial mismatch ¡Å Å between the smallest lumen diameter Å in the stenosis (in our case Å ½ ´ÑÑµ) and the expanded nominal stent diameter . For an illustration of the geometrical situation see Fig. 3 . Hence, according to Table 3 , from the diameters we get four different values of the mismatch ¡Å , namely for ½ , ¾ , ¿ , (in millimeter). Consequently, a value of ¡Å (mm) reestablishes the original lumen of Ä ¼ (mm), provided that no recoil occurs. Note that the stent may also be potentially subject to migration depending on the radial mismatch.
Typically, during a balloon-angioplasty procedure the pressure load is applied to a balloon expanding a stent. According to [32] this approach may render the discretized system instable.
Hence, in order to avoid additional complexity, we ignored the balloon and applied the (deformation dependent) pressure load directly on the stent struts, as, for example, performed in [49] , [32] . In contrast to prescribed displacements on the stent struts, as used, for example, in [30] , the application of pressure loads on the stent struts has the big advantage that, for example, the important 'dog-boning' effect of stents can be simulated. For a discussion of the relationship between stent geometries and dog-boning effects [33] . Note, however, that this (simplified) approach could have some influence on the numerical results, because the balloon would likely bulge out between the struts during stent expansion, and would, consequently, expand the ar-terial wall to a larger extent than the portion of the wall in contact with the struts. To capture these phenomena numerically is a rather costly task.
For the interaction between the stent and the arterial wall we have used a contact algorithm, which uses subdivision surfaces for the interpolation [31] . Note that a standard facet-based contact algorithm (with ¼ -continuity of the contact surface at the element edges) may lead to typical numerical problems during a simulation such as oscillation of contact forces, nonrealistic pressure jumps, contact cycling and loss of quadratic convergence of the nonlinear solution scheme. Although our contact approach is able to capture frictional behavior, we carried out the simulations without friction since reliable coefficients describing the frictional behavior between the intimal surface and the stent are not available yet.
Application of boundary conditions
The geometry of the artery is embedded in the Ü Ý Þ-coordinate system. Since the artery has an eccentric stenosis it is not straightforward to describe appropriate boundary conditions for the stent expansion. Hence, we introduce an additional Ü ¼ Ý ¼ Þ ¼ -coordinate system, which is the reference system for the stent expansion. The Þ ¼ -axis does not intersect with the arterial tissues (see Fig. 1 ).
Artery.
In order to avoid rigid-body motions we have to fix a total of six degrees of freedom of three nodes. By only fixing three nodes of the artery we would end up with an illconditioned system of equations, which could hardly be solved. Because of that we have fixed all Þ-displacements on both end faces of the artery. In addition, we fixed all Ü-displacements and Ý-displacements for the nodes of the adventitia, which are located at the vicinity of the 
Stent.
In order to avoid rigid-body motions for the stent the Þ ¼ -displacements are fixed for all nodes on one end of the stent. In addition, the Ü and Ý-displacements are fixed for all nodes located in the Ý ¼ Þ ¼ -plane and the Ü ¼ Þ ¼ -plane, respectively (see Fig. 1 ).
Note that in a clinical situation both the artery and the stent will deform during the insertion process for this type of turtuous lumen investigated. However, the numerical simulation of this process is associated with high computational cost, which we wanted to avoid. Therefore, a strategy is chosen by which the undeformed stent is placed with overlap in the turtuous lumen. Then, in a few load steps, the penalty parameter, which enforces the contact constraint, is gradually increased from zero to a desired value of about ½¼ . This strategy aligns the stent with the arterial inner surface in a numerically efficient way. Now, due to the applied boundary conditions, the artery and the stent are constrained such that there is no relative motion normal
Loading procedure
In order to simulate the physiological loading situation two loads are applied on the artery: This replacement leads to physically more realistic simulation during subsequent loading.
To expand the stent-artery system, we apply displacement dependent surface loads on the inner side of the stent struts. After full expansion, the pressure loads on the struts are removed gradually. Throughout this loading process, the blood pressure of ½¼¼ 1 Ñ Ñ À µ on the inner wall of the artery remains.
Results
We study the effect of different stent geometries S1, S2, S3, as discussed in Section 2.3, on the stenotic iliac artery described in Section 2.2.
As a representative example, Fig. 4 shows the numerical results in form of circumferential Cauchy stress distributions. The cutting planes indicate stresses before (see Fig. 4(a) ) and after stenting (see Fig. 4(b) ) at locations, where changes in stress due to stenting are most pro- nounced. For the image shown in Fig. 4 (b) the stent S1 was used with ¡Å ¿ . As can be seen, stenting induces large stress concentrations in the non-diseased area, while the diseased area remains mainly unchanged. Within the diseased part, the fibrous cap (I-fc) becomes remarkably stressed. High stress in this plaque component may lead to tissue failure and to an increased risk of thrombus formation [30] .
In the following we characterize the mechanical effect after deployment and expansion of the stent up to the diameter by the indicators ½ , ¾ and Ä , as described in Sec. 2.1.
The study is based on a variation of (i) the strut thicknesses for the entire stent, (ii) the strut 
Influence of mismatch ¡Å
In the first parameter study, which will serve as the basis for the additional simulations, we have computed the influence of the important mismatch ¡Å on the intimal pressure concentration caused by the stent struts ½ , the stress change within the arterial wall caused by the stent ¾ , and the lumen gain during stenting Ä . This study was performed for the three different stent geometries S1, S2, S3 illustrated in Fig. 2 .
The resulting data points are registered in diagrams comparing the influence of the mismatch For example, a circle filled up by a quarter indicates the mismatch ¡Å ½ ´ÑÑµ.
Influence of strut thickness
The dimension of a strut, which is in contact with the arterial wall, has a strong effect on changes in the intimal pressure concentration, stress changes in the arterial wall and the lumen gain after stenting. It also effects significantly the clinical outcome after stenting [25] , [27] . Note that the strut thickness × Ø is mainly responsible for the stiffness of the stent, while the strut width × Û changes the contact pressure between the strut and the (intimal) surface.
In this section we illustrate the numerical results obtained from studies, which use (i) a reduced strut thickness for the entire stent, and (ii) a reduced strut thickness only for the end cells of the stent.
Reduction of strut thickness for the entire stent
The entire study of Section 3.1 was repeated with just a half of the stent strut thickness for all stents. The finite element meshes and all other geometrical data are as above. Hence we used × Ø ¾¾ ´ Ñµ for S1, S2 and S3. The results are illustrated in Fig. 5 by dashed lines with different intensities, and denoted as 'half strut thickness' (abbreviated by 'half st'). They compare the influence of the mismatch ¡Å and the different stent geometries on ½ , ¾ , Ä .
Reduction of strut thickness for the end cells of the stent
For all investigated stent designs we parameterize the strut thickness × Ø of the cells at both ends of the stent, i.e. for region , see Fig. 6 . In particular, for these end regions we have reduced × Ø to ¼± of its original value (× Ø ¾¾ ´ Ñµ), and have repeated the entire study with the finite element meshes and all other geometrical data, as used in Section 3. eqs. (1), (4), (6), respectively. In particular, the finite elements considered for the analysis of the edge effects are from the inside of the dotted frames defined in Section D-D of Fig. 1 . This approach makes the effect of the variation of the strut thickness better visible in the diagrams.
The numerical results are shown in Fig. 7 , where solid lines indicate the 'original strut thickness'
('orig st'), and dashed lines the results obtained by reducing the strut thickness for the end cells of the stent by a half (abbreviated by 'half st').
Influence of cell geometry
Finally, numerical results are presented by uniformly modifying the geometry of the cells throughout the stent illustrated in Fig. 2 (for a non-uniform modification see the discussion in [33] and [50] ). We have compared the influence of the mismatch ¡Å and the modified stent geometries of S1, S2, S3 on the indicators ½ , ¾ , Ä . In particular, we have increased the original value of all stent cells by 30% and set the number of cells Ñ in the axial direction to Ñ for S1, and Ñ for S2 and S3. The numerical results are shown in Fig. 8 , where solid lines indicate the 'original cell geometry' ('orig cg') for the stents S1, S2, S3, and the dashed lines are the results obtained by modifying the geometry of all cells of the stent as described above (abbreviated by 'modif cg'). With these indicators we performed parametric studies of (i) the strut thicknesses for the entire stent, (ii) the strut thicknesses for the end cells of the stent with dimension , and (iii) the stent cell geometry. The studies were performed for each of the three stents and for four mismatches ¡Å defined to be the difference between the diameter of the expanded stent and smallest lumen diameter in the stenosis before angioplasty. below a certain (small) limit, the stent does not interact with the entire lumen surface after full expansion, when the lumen surface is elliptically shaped, which is the case in the present study.
Hence, there is lumen gain Ä accompanied with a (very) small change in the mechanical environment. For values above a certain limit of ¡Å (here about ½ ) the expanded stent interacts then with the entire lumen surface and then effect the indicators ½ and ¾ . For all our studies we have fixed the metal-to-artery ratio to ¼ ½ at the nominal diameter . If for some reason the metal-to-artery ratio decreases with increasing ¡Å , then the values of ½ would be larger than in the present study, and vice versa.
Referring to Fig. 5 , for all values of mismatch ¡Å the use of stent S3 (InFlow TM -GoldFlex) leads to the largest and S1 (Multi-Link-Tetra TM ) to the lowest values of ½ and ¾ . It is interesting to relate this result to the clinical study documented in [26] , which has shown a high restenosis rate of 50.3% for stent S3, and a low restenosis rate of 20.0% for stent S1.
In addition, stent S1 gives almost the same lumen gain as S3, but much less change in the mechanical environment of the arterial wall expressed through ½ and ¾ . For example, for ¡Å ´ÑÑµ, stent S1 induces only about half the stress, which is induced by stent S3, whereby S1 achieves approximately 90% of Ä of S3. For any fixed value ¡Å , stent S3 has the largest lumen gain Ä when compared with stents S1 and S2.
The dashed lines in Fig. 5 indicate the results obtained by reducing the strut thickness for the entire stent by a half. Thereby, for all stents, the effect of this change becomes more apparent with increasing mismatch ¡Å . The largest mechanical change in the arterial wall is observed for stent S3 at a mismatch ¡Å . Remarkably, as can be seen from Fig. 5 , by reducing the strut thicknesses of the entire stent S3 by 50% it performs similar to stent S1, at least for the Ä -½ ratio. The least advantageous effect of changing the thickness of the struts is achieved for stent S1 at ¡Å ¿ ; ½ and ¾ are almost unchanged, while Ä decreases significantly, which is an obvious disadvantage.
The studies, documented in [25] , [27] , compared the angiographic result of two different stent products related to either the 'thin-strut' group or to the 'thick-strut' group, depending on the strut thickness × Ø . In particular, [25] compared the ACS RX Multi-Link TM stent, with × Ø 1 Ñµ and × Û ½¼¼´ Ñµ ('thin-strut' group), to the ACS Multi-Link RX Duet TM stent, with × Ø ½ ¼´ Ñµ and × Û ½¼¼´ Ñµ ('thick-strut' group). Both stents were manufactured by the same company (Guidant/Advanced Cardiovascular Systems). It was shown that the incidence of angiographic restenosis was reached in 15% of the thin-strut stent patients and 25.8% of the thick-strut stent patients, which corresponds to a risk reduction of 42%. The study [27] compares the ACS RX Multi-Link TM stent (Guidant) to the BX Velocity TM stent (Cordis Corp.), with × Ø ½ ¼´ Ñµ and × Û ½¼¼´ Ñµ, ('thick-strut' group). This study has shown that the incidence of angiographic restenosis is 17.9% in the 'thin-strut' group and 31.4% in the 'thick-strut' group.
Both studies point out that the stent with thinner struts elicits less angiographic restenosis than the thicker-strut stent. From Fig. 5 we read that thinner struts lead to a decrease in the values ½ and ¾ (with Û ¾ ¼ ), and hence to a decrease in the intimal pressure concentration and the stress change within the arterial wall due to the stent, which produce less local damage.
However, we also learn from Fig. 5 that stents with thinner struts also lead to less lumen gain Ä due to stenting since thinner struts reduce the overall stiffness of the stent. Note that this important parameter was not analyzed and discussed in the studies [25] , [27] .
Evidence is emerging that the abrupt compliance mismatch, which occur at the junction between both ends of the stent and the host arterial wall, disturbs the vascular hemodynamics and the natural wall stress distribution [50] . In particular, the stress distributions show peaks close to both ends of the stent due to the phenomenon of 'dog-boning' or 'dumb-belling' of the stent, analyzed numerically in, for example, [30] . The phenomenon of 'dog-boning' might be avoided by (i) using a shaped balloon, (ii) varying the geometry of the stent cells over the stent length, or (iii) varying the thickness of the struts in certain areas of the stent [33] . In [50] , approach (ii) was chosen to design compliance matching stents. Although approach (iii) seems to be difficult for producing appropriate stent devices [33] , some manufacturers have started to create stents with variable thickness struts. One example is the VTS TM (Variable Thickness Strut) technology of Guidant which is designed to provide enhanced flexibility, deliverability, and surface area coverage while maintaining radial strength. Therefore, in our study we have chosen approach (iii). Figure 7 shows the influence of the mismatch and the different stent geometries on the three indicators ½ , ¾ , Ä when the strut thickness for the end cells of the stent is reduced by a half (dashed lines). It turns out that the largest improvement regarding ½ and ¾ is achieved for stent S3, and the smallest improvement is achieved for stent S1.
Another possibility to change the structure of a stent is by changing the cell geometry, while keeping the strut thickness. Figure 8 shows the results obtained from modified cell geometries (dashed lines). Hence, by comparing the study, which uses half of the strut thickness for the entire stent (dashed lines in Fig. 5 ), with the study, which is based on modified cell geometries (Fig. 8) we learn that stents S2 and S3 behave very similar under both modifications. However, for stent S1 this is not true. When comparing the outcome of stent S3, it reveals that ½ is reduced more effectively with the use of a uniform strut thickness variation than a uniform cell geometry variation. Still, the other indicators Ä and ¾ are changed similarly by both methods. Consequently, a strut thickness variation is preferable for S3.
Study limitations
To outline the methodology of computing appropriate scalar measures used to characterize the 'quality' of the angioplasty treatment we have used a human high-grade stenotic iliac artery for which we have had available a complete set of geometrical and mechanical data. Iliac arteries are much bigger than, for example, coronary arteries, and hence they are easier to access, to separate into the individual tissue components, and to test. The current (clinical) research focuses, however, mainly on intracoronary stenting and optimization procedures of stent designs for the coronary site. Since we wanted to discuss our numerical results obtained for different stent types with clinical studies and related issues of restenosis we have used here stent types, which are employed for coronary angioplasty. In addition, since we are not aware of the specific composition of the (shape memory) alloys for the investigated stents the material responses of all stents were assumed to be the same as for stainless steel. Since we used an iliac artery model, while coronary stents and results from coronary stent clinical trials are used in the interpretation of the results, and since the three investigated stent types differ in material and related mechanical property, we can not draw conclusions about a real stent product. Hence, improved simulations are then based on improved constitutive equations and geometrical data for the stents and on the morphology of a patient-specific stenotic coronary artery. In order to assess the suitability of real stent products, one has to perform simulations within their actual working environment. A variation of the stent length also seems to be a meaningful supplement to the present study.
Micro-damage and damage mechanism, which occur in the arterial wall due to vascular injury during stent deployment, have not been addressed in this study. In addition, balloon dilation frequently leads to tissue dissection within the intimal and/or medial layer and to plaque rupture. After balloon deflation this results in tissue flaps with longitudinal orientations protruding into the vessel lumen [51] . Novel data of ultimate tensile stresses and stretches of the calcification and other tissue types obtained from nine human high-grade stenotic iliac arteries were recently reported in [39] . These data may serve to better model the biomechanics of atherosclerotic lesions. A first numerical approach to consider delamination processes of arterial tissue was recently proposed in [52] .
Where it was possible, we compared our numerical results with clinical studies, and the agreement is satisfactory. Since the clinical studies have considered a large number of arteries, which differ from the one we have used, a direct comparison seems not to be feasible. In particular, due to a missing growth model, we are unable to specify a restenosis rate based on ½ and ¾ . Instead, we can (only) provide a qualitative order of the restenosis rate in describing which stent may be more prone to restenosis than another, for a specific artery. Another factor which may be important, also neglected here, is the change in the wall-shear-stress (see, for example, [17] , [18] among many others). This would require a flow simulation.
The proposed three indicators are normalized with respect to the situation in the diseased artery prior to stenting. Since clinicians judge the success of the procedure based on the nominal diameter of the healthy artery, an additional indicator determined with respect to a 'normal' situation would be meanigful to characterize the outcome of angioplasty; an important next step pursued in near future.
Conclusion
We have defined scalar indicators which allow a better judgement of the performance of stents used for a specific artery. Numerical studies allow the determination of changes of these indicators as a function of certain parameters such as stent cell type, geometry of stent strut and stent cell, and the mismatch between the smallest lumen diameter in the stenosis and the expanded stent diameter, a crucial parameter in clinical practice. The indicators are measures for the mechanical stresses produced during the expansion, which should be as small as possible, and for the lumen gain, which should be as large as possible.
The three-dimensional computational approach is based on numerical models for the arterial wall and the stent as well as on the stent-artery interaction. This combination seems to be a step forward in the numerical modeling of balloon angioplasty. The numerical model for the investigated human iliac artery with a high-grade stenosis, which consists of eight different tissue types, is based on an approach previously documented [29] , [30] . A specific anisotropic experimental data set at finite strains were adopted from [39] . The model also considers the axial in situ pre-stretch within the artery. In addition, we illustrated numerical models for three different stents which are based on products that are (or were) available commercially. The geometric structure of the different stents are parameterized to allow convenient changes. For the stent-artery interaction we have used an efficient contact algorithm [31] .
Based on the investigated stenosis and the performed parameter studies it reveals that the best results for all three indicators can be achieved with stent S1, which has a similar structure as the Multi-Link-Tetra TM stent. The worst results were achieved with stent S3, similarly structured as the InFlow TM -Gold-Flex stent, which is not available anymore on the market. In addition, the parametric studies reveal that certain modifications for one stent lead to more advantages than for another. For example, reducing the strut thickness by ¼± in the end cells drastically reduces the values of the indicators ½ and ¾ for stent S3 by almost keeping the value of the lumen gain Ä , while it has almost no effect for stent S1.
It should be mentioned that the results may be (completely) different for other types of arteries, with other plaque composition and material properties, which can vary over orders of magnitude [39] . Although a general applicability of the results is not possible, a general applicability of the proposed methodology to computationally assess parametric stent designs is, however, possible. The methodology may provide clear markers for optimizing the treatment procedure, and the geometry and material of stent repeating-units, which may help stent designers to examine new stent designs on a 'virtual' patient before clinical trials. In eq. (1) the factor is determined according to Ð (11) where is the surface of element , which is covered by the struts, and Ð is the surface area of the face of element . Table 2 : Geometrical parameters -of the three different cell types S1, S2, S3, as illustrated in Fig. 2 .
For each cell type two parameters ( and ) are given, indicated by the symbol¯, while all other parameters are functions of these two.
